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ABSTRACT 
 
Forces acting on the body via various external surfaces during locomotion are needed to 
support the body under gravity, control posture, and overcome inertia. Examples include 
the forces acting on the body via the seating surfaces during wheelchair propulsion, the 
forces acting on the plantar foot tissues via the insole during gait, and the forces acting 
on the residual limb tissues via the prosthetic socket during various movement activities.  
Excessive exposure to unwarranted stresses at the body support interfaces could lead to 
tissue breakdowns commonly known as pressure ulcers, presented often as deep tissue 
injuries around bony prominences and/or surface damages on the skin. In this paper, we 
review the literatures on how the involved tissues respond to epidermal loadings, taking 
into account both experimental and computational findings from in-vivo and in-vitro 
studies. In particular, related literatures on internal tissue deformation and stresses, 
microcirculatory responses, as well as histological, cellular and molecular observations 
are discussed. 
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Reperfusion, Rehabilitation Engineering
 3
CONTENT 
 
1.   Introduction 
2.   The Involved Tissues 
3. The Biomechanical Properties of the Involved Tissues 
 3.1 Buttock Tissues 
 3.2 Plantar Foot Tissues 
 3.3 Residual Limb Tissues 
4    The Involved External Forces – Stresses at the Body Support Interfaces 
 4.1 Stresses at the Buttock / Seating Interface 
 4.2 Stresses at the Plantar Foot / Insole Interface 
 4.3  Stresses at the Residual Limb / Prosthetic Socket Interface 
5. Hypotheses for the Formation of Pressure Ulcer 
6. Tissue Responses to Epidermal Stresses 
 6.1 Tissue Deformation and Internal Stresses 
 6.2 Reperfusion and Flowmotion 
 6.3 Histological, Cellular and Molecular Studies 
7. Closing Remarks and Suggestions for Future Research 
  
 4
1.  INTRODUCTION 
 
Pressure ulcer is local tissue damage due to prolonged excessive loading acting on the 
skin via a body support surface.  There are broadly speaking two forms of pressure ulcer 
- superficial and deep ulcers. Both are induced by prolonged excessive epidermal 
loadings. Superficial ulcers primarily involve frictional abrasive rubbing of the skin 
relative to the supporting surface and engage mostly the superficial tissues. Tissue 
damages could also start deep near the bony interface of skeletal prominences under 
epidermal loadings (1). Such deep ulcers if unattended could in time become massive 
lesions all the way to the skin.  
 
About 85% of subjects with spinal cord injury (SCI) will develop a pressure ulcer during 
their lifetime (2, 3).  Ischial tuberosity is the most common site for pressure ulcer (3). 
About 20% of the hospitalization of diabetic patients are due to foot problems (4).  In 
industrialized countries, diabetes mellitus with insensitive feet is the main reason for foot 
pressure ulcers that could ultimately lead to lower limb amputations (5, 6). Amputees 
wearing prosthesis need to accommodate high ambulatory loadings during their daily 
activities. Those loadings are mostly transmitted from the prosthesis to the skeletal 
structure via the interface between a prosthetic socket and the soft tissues around the 
residual limb. The involved soft tissues are not used to those high epidermal pressure 
and shear loadings during locomotion. It is not uncommon for amputees to develop skin 
problems on the residual limb, such as blisters, cysts, edema, dermatitis, etc. (7, 8, 9).  
 
Pressure ulcer can be viewed primarily as a biomechanical issue, although the cascade 
of clinical events often involve many confounding intrinsic and extrinsic factors, such as 
the general health condition and the personal hygiene of the subject involved. Decades 
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of research have clarified some mechanisms leading to pressure ulcers, though 
considerable controversies still remain. The methods for clinical prevention / intervention 
for pressure ulcer have had little breakthroughs, despite the enormous magnitude of the 
clinical problem and the recent advances in medical science and practice (10). 
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2. THE INVOLVED TISSUES 
 
The tissues involved are highly complex. Their exact morphology and composition vary 
from site to site. It is essential to appreciate the details of the anatomical features of the 
particular sites experiencing ulcer, such as the tissues at the ischial tuberosities, the 
plantar foot tissues at the metatarsals, the deformation-sensitive tissues around a 
residual limb, etc. 
 
Epidermis is made up of keratinizing stratified epithelium with a horny layer of flattened 
hexagonal anucleate cells forming a protective barrier at the top, and at the bottom a 
proliferative basal layer of stems cells for maintaining the epidermal layer.  Most 
epidermal cells are keratinocytes with cytoskeletal filaments rich in keratin polypeptides, 
giving the cells and epidermis their biomechanical properties (11). 
 
Dermis is a layer of connective tissues with blood vessels, lymphatics, sensory receptors, 
nerves, sweat glands and hair follicles. There are two sub-layers within the dermis – the 
papillary layer with a relatively loose collagen-elastin extracellular matrix and the 
reticular layer with coarser bundles running more parallel to the epidermis. These 
bundles become more randomly oriented further down (12).  Most of the dermal 
collagens are of type I and type III, and are responsible for skin’s tensile stiffness and 
strength, whereas elastins are known to be responsible for skin’s elasticity. The 
collagen-elastin fibrous network entangles with and encapsulates a macromolecular gel 
of proteogylcans, made up primarily of hydrophilic poly-anionic dermatan sulfates, 
chondrotin sulfates, and hyaluronic acid. The proteoglycan gel is important in 
maintaining the spatial structure of the collagen-elastin network and in supporting skin’s 
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capacity to carry compressive loading. Most dermal cells are fibroblasts. They are 
responsible to synthesize and thus upkeep the tissue’s extracellular matrix. 
 
The subcutaneous layer consists of adipose tissues of variable thickness depending on 
site. Deeper below are the deep fascia and muscles. Those deep tissues covering the 
bony prominences like the ischial tuberosities and the metatarsal heads are potential 
sites of deep tissue injuries under prolonged excessive epidermal loading. 
 
In skin, blood enters through perforating arteries originating from the underlying vessels 
in the muscles, forming two major horizontal vascular networks – the deep dermal 
vascular plexus lying near the dermal–hypodermal interface, and the superficial 
subpapillary vascular plexus lying at the papillary–reticular interface in the dermis. The 
two vascular plexuses are linked by vertical vessels through the dermis. From the 
subpapillary plexus, some capillaries loop into the dermal papillae, extending close to 
the epidermis before returning back to the venous plexus located underneath the 
arteriolar papillary plexus. The deep dermal plexus emanates vessels deep into the 
adipose tissues and supplies blood to the sweat glands and hair follicles (11).  
 
Microcirculation is driven by the spontaneous rhythmic vasomotion facilitated by the 
surrounding muscle cells.  Vasomotion plays an important role in regulating blood flow in 
terminal arterioles and capillaries further downstream in the circulatory network. The 
lymphatic vessels collect excess interstitial fluid and protein that escape from capillaries 
and return them to the venous system. 
 
Skin is innervated with mechanoreceptors for touch, pressure and pain sensing, such as 
the tactile corpuscles in the dermal papillae, and the Vater-Pacini corpuscles at the 
 8
dermal-hypodermal interface. Some of the skin sensory neurons are myelinated. 
Nociceptors are sensory neurons that can initiate painful sensations, including those 
induced mechanically. Their sensitivity can be affected by injuries or inflammation (13).  
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 3. THE BIOMECHANICAL PROPERTIES OF THE INVOLVED TISSUES  
 
The biomechanical properties of skin and the underlying tissues are anisotropic, 
inhomogeneous, and nonlinearly viscoelastic. These properties can change with ageing 
and pathological conditions (14, 15). Measurements of the in-vivo properties of skin and 
the subcutaneous tissues have been reported. (16-32). 
  
3.1 Buttock Tissues 
 
Human buttock consists of the pelvic bone, gluteal muscles and an adipose tissue layer 
under the cutaneous cover. The material properties and thicknesses of these buttock 
tissues play important roles in load transfer during seated mobility. Using ultrasound, the 
thickness of the soft tissues overlying the ischial tuberosity was measured to be 26.6 
mm in healthy subjects and 24.1 mm in SCI subjects (33). The findings were similar to 
those measured using computer tomography (CT) (34). The average gluteal 
subcutaneous fat thickness was estimated to be 28.1mm. Based on magnetic resonance 
imaging (MRI), it was found that tissues overlying the ischial tuberosity during sitting 
were about 33.5mm thick in healthy subjects and 23.5mm thick among the SCI (35). 
  
Using indentation and assuming a Poisson’s ratio of 0.49, a Young’s modulus of 15.2 
kPa was reported for human buttock tissues (36). Using the inverse finite element 
method together with an iterative optimization process, the long-term shear modulus for 
skin/fat was about 1.2 kPa as compared to 1.0 kPa for muscle (32).  Significant stiffening 
of the rat gracilis muscle concomitant with muscle cells death was demonstrated after 
the muscle was subjected to 35kPa compression for 30 minutes (37). 
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3.2 Plantar Foot Tissues 
 
In vivo mechanical properties of plantar foot soft tissues have been measured mainly 
using indentation tests.  Tissue deformation was monitored either by linear variable 
differential transformers (LVDT) or by ultrasound.  Measurements at different plantar foot 
regions showed a range of Young’s modulus from 43kPa to 120kPa (28).  The exact 
values depend on the site, subject group, loading speed, and range of deformation.  The 
Young’s modulus of the heel tissues is highly nonlinear, with an initial Young’s modulus 
of 105kPa and reaching 306kPa at 30% strain (30).  A non-linear hyperelastic model has 
been used to describe these soft tissues properties (31, 38, 39).   
 
The properties of the plantar foot tissues were posture dependent, possibly due to 
muscle contraction. The tissues became stiffer with dorsi-flexion and plantar-flexion, as 
compared with measurements made with the ankle in neutral position (28).  The plantar 
soft tissues for diabetic subjects were found stiffer and thinner than normal, especially 
around the first metatarsal head (28, 30, 40). Such differences were not observed in (31).  
 
3.3 Residual Limb Tissues 
 
In vivo indentation tests have been used to measure the mechanical properties of 
residual limb soft tissues in both transtibial and transfemoral amputees (29).  The 
Young’s modulus of the residual limb tissues were reported to be around 60kPa (41), 50 
to 145kPa (42), and10.4-89.2kPa (26). 
 
Using ultrasonic Doppler system, it was found that the superficial tissue had significantly 
higher modulus than the tissue beneath (20).  The moduli was found to be 145kPa, 
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50kPa, 50kPa and 120kPa for patellar tendon, popliteal, anteromedial and anterolateral 
sites respectively (42).  Approximately 45% increase in stiffness was observed with 
muscle contraction (22).  The nonlinear elasticity was also described using James-
Green-Simpson material formulation and the material coefficients were found to depend 
on subject, site and loading speed (43). 
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4. THE INVOLVED EXTERNAL FORCES - STRESSES AT THE BODY SUPPORT 
INTERFACES 
 
Interface stresses between the body and its support surfaces depend on the anatomical 
sites and are consequence of gravity, the geometry of the body tissues and their 
biomechanical properties, the contour and the stiffness of the external support surface, 
the friction at the interface, the body’s orientation and its dynamic activities. 
 
4.1 Stresses at the Buttock / Seating Interface 
 
Many systems have been developed utilizing electro-pneumatic, resistive and capacitive 
transducers to assess interface pressure. The accuracy, creep and hysteresis of the 
readings of these measurements have been reported (44-46). Interface pressure was 
found altered after a pressure mat was introduced between a physical buttock phantom 
and seven test cushions, indicating that there was significant interaction between the 
cushions and pressure mat (47). It was reported that interface pressure under the ischial 
tuberosities when sitting on 3 inches of standard foam ranged from 8 to 19.5kPa. 
 
Reported data on interface shear at the buttock/seat interface are sporadic. According to 
(48), the mean shear stresses underneath the tuberosities on three different types of 
cushions (low shear, gel and foam) were 4.8kPa, 6.4kPa and 6.7kPa respectively. It 
should be noted that these findings were highly dependent on the mechanical 
characteristics of the cushion material, buttock tissues and the sensor itself.  
 
Taking into consideration of the influence of pressure mat on interface stress 
measurement, parameters such as peak pressure index, pressure gradient, pressure 
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distribution symmetry and contact area were used to interpret the buttock/seating 
interface condition for clinical assessment (49). Multistage longitudinal analysis and self-
registration technique were introduced to examine the changes of interface pressure 
between pre- and post interventions (50). After carefully aligning the pressure images 
acquired, this technique utilized a statistical algorithm to analyse each pixel on the 
pressure mat at different time intervals to detect significant pressure changes.  This 
technique can be applied to study the changes of dynamic pressure at the buttock/seat 
interface during activities and wheeled mobility.  
 
Various researchers (51-53) have examined the dynamic interface pressure during 
wheelchair activities. In (53), the dynamic seating pressure during wheelchair propulsion 
was studied using a pressure mat on a rigid seat surface.  Body kinematics was 
monitored using a motion analysis system. The spatial orientation of the pelvis was defined 
by the locations of the left and right anterior superior iliac spines (ASIS) and the two 
posterior superior iliac spines (PSIS) with the use of reflective markers. The spatial 
locations of the ischial tuberosities (IT) were derived assuming the pelvis as a rigid body.  
Pelvic tilting during wheelchair propulsion was found to be about 11.2 degrees for the 
normal group and 5.2 degrees for SCI.  It was found that the dynamic positions of the 
ischial tuberosities as predicted from the motion analysis data did not exactly concur with 
the dynamic peak pressure locations as measured on the pressure mat. The dynamic 
peak pressure locations were located at about 19.2 mm anterior to the predicted 
locations of the ischial tuberosities. (Figure 1)  Such anterior shift of the peak pressure 
location was bigger than the estimated predication error of the assumed model. The 
anterior shift of the peak pressure location was regarded reasonable given the 
associated pelvic rocking motion. One could also predict that when the hand was 
pushing the rim forward during forward propulsion, there would likely be a forward shear 
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traction acting on the buttock surface by the seat, assuming negligible reactions from the 
footrest and the backrest. Such forward shear traction could further accentuate the 
compaction of the tissues anterior to the contact zone. 
 
 
4.2 Stresses at the Plantar Foot / Insole Interface  
 
The stress distribution at the plantar foot / insole interface can reveal the biomechanical 
function of the foot and the effects of the shapes and materials of the foot supports in 
locomotion. The in-shoe pressure measurement techniques were reviewed in (54-56).  
 
The structural and functional predictors of regional peak pressures under the foot in 
normal subjects during walking were evaluated in (57). Factors examined in this study 
included anthropometric data, passive range of motion, measurements taken from 
weight-bearing radiographs, properties of the plantar foot tissues, kinematics, 
electromyographs, etc. It was shown that heel pressure depended on longitudinal arch 
structure, heel pad thickness, linear kinematics and age; and pressure under the first 
metatarsal head depended on radiographic measures, talocrural dynamic range of 
motion, and gastrocnemius EMG activity. 
 
The peak plantar pressure and peak pressure gradient at the forefoot/insole interface 
during walking were compared among normal subjects, diabetic subjects with 
neuropathy (DN), and diabetic subjects with neuropathy and a history of ulceration (DNU) 
(58). Significantly higher forefoot peak plantar pressure was found in the DNU group 
(with mean around 415kPa) than that found in the normal (with mean around 330kPa). 
Significantly higher forefoot peak pressure gradient was also found in the DNU group 
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when compared to the normal (by 88%) and the DN group (by 44%).  To reduce the risk 
of pressure ulcers in diabetic feet, custom-made contoured insoles are designed to more 
evenly distribute pressure over the plantar surface (59-61).  It was found that contoured 
insoles cast in a semi-weight bearing condition can reduce the peak pressures, 
especially at the second and third metatarsal regions (61, 62). Studies were conducted 
to understand the effects of various types of insole materials and internal shoe structures 
on the plantar pressure distribution (63).  Increase in heel height may shift the peak 
pressure region to the forefoot, such as to the first metatarsal and hallux regions (64).  A 
rocker bottom outsole may reduce the forefoot pressure during walking (65).  
 
Beside pressure, shear stresses acting on the plantar foot surface were also measured 
using biaxial or triaxial transducers discretely embedded in the insole (66-68).  This 
allows monitoring of the shear stresses in two orthogonal directions dynamically.  
However, it is still difficult to have the full view of plantar shear distribution as only a 
limited number of transducers can be embedded in the insole due to the size of the 
transducer. Shear stress during normal walking was as high as 122kPa under the first 
and second metatarsal regions, and there was no significant difference between normal 
and diabetic subject groups (67).  Shear stress up to 154kPa was recorded under the 
second metatarsal at pushoff during normal walking with a 3-inch high heeled shoe (68). 
 
The  temporal characteristics of plantar foot pressure and shear distribution were 
compared between diabetic patients with neuropathy and non-diabetic subjects during 
barefoot walking in (69). It was noted that the pressure-time integral and the resultant 
shear-time integral were increased by 54% and 132% respectively in the diabetic group 
when compared to the non-diabetic group.  
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4.3 Stresses at the Residual Limb / Prosthetic Socket Interface  
 
The stress distribution at the interface between the residual limb and prosthetic socket is 
critical to socket design (70). The measurement techniques involve either inserting a thin 
sensor mat between the socket and skin, or positioning the transducers through the 
socket with the sensing surface leveled at the skin (71-76).  
 
The pressures at the skin-socket interfaces reportedly vary widely among sites, 
individuals, and clinical conditions.  For the Patellar-Tendon-Bearing (PTB) socket, the 
maximum peak pressure reportedly reached above 300kPa (72, 77-79).  The wide 
variation may result from the diversity of prostheses and fitting techniques, the difference 
in residual limb geometry, site, soft tissues thickness, and time within the gait cycle. 
 
Measurements of shear stresses at the residual limb/skin interfaces were first reported in 
(80).  Triaxial transducers with small size were developed to monitor the pressure and 
shear stresses in two orthogonal directions and used for the interface stress 
measurements on below-knee sockets (71, 72).  Interface shear stress ranging up to 
57kPa was reported (78). Changes in socket-limb interface stress have been observed 
over time due to the changes in residual limb volume (78).  Changes with different 
alignments (81), and with different kinds and styles of walking (79, 82) have been 
studied and reported.  There was a 30% increase in interface pressure at the patella-
bearing site during stair-climbing as compared to level walking (79). 
 17
5. HYPOTHESES FOR THE FORMATION OF PRESSURE ULCER 
 
The mechanisms behind the abrasive ulcers that involve primarily superficial tissues are 
likely to be different from the mechanisms behind the deep tissue injuries near the bony 
prominences. Both mechanisms involve epidermal loadings. A major differentiating 
mechanism for the abrasive ulcers is presumably the presence of frictional rubbing 
between the skin surface and the body support surface. 
 
There is an apparent inverse relationship between the pressure and its duration of 
application leading to the formation of pressure ulcers (83-85). There were attempts to 
interpret the inverse pressure-duration relationship biomechanically. The phenomenon 
was explained in terms of the interstitial fluid loss (86). By postulating that the pressure 
ulcer problem can be adequately described by the applied pressure, the duration of 
loading, tissue density, tissue modulus of elasticity, and tissue blood flow, it was 
predicted in a dimensional analysis that the allowable pressure p decreased with 
duration time t in the manner of p ∝ t -4/3 (87). 
 
Quite a number of hypotheses have been proposed for the biomechanics of pressure 
ulcer in the past decades (88).  The levels of evidence for those hypotheses vary. While 
some involved primarily circumstantial evidence and remained as mere speculations, 
some have attracted considerable attention over the years with related in-vivo and in-
vitro findings becoming more available. They include (a) local ischemia and anoxia due 
to blood flow occlusion, (b) compromised lymphatic transports resulting in accumulation 
of toxic substances in the tissues, (c) reperfusion injuries concomitant with reactive 
hyperaemia, and (d) direct mechanical insults to cells causing cellular necrosis.  
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The hypothesis involving blood flow occlusion was among the earliest hypotheses made 
to explain the formation of pressure ulcer (89).  When skin is compressed during daily 
activities, the underlying microvasculature can be affected. Short duration of 
compromises in blood supply usually does not affect the metabolism of skin and 
subcutaneous tissues. Sufficient magnitude of pressure can partially or totally arrest the 
circulation, which if prolonged, can result in tissue ischemia.  It is reasonable to expect 
that no mammalian tissues can survive sustained ischemia indefinitely.  Based on this 
hypothesis, it has been suggested that to avoid pressure ulcers, epidermal pressure 
should not exceed the typical capillary blood pressure of 4.3kPa, lest the 
microvasculature would collapse under external pressure and the supply of oxygen and 
nutrients to the tissues be compromised. Occlusion pressure for microvasculature 
actually varied with health conditions and sites (90-93).  However, it has been 
documented that tissues can survive ischemia for duration much longer than those 
usually observed in pressure ulcer formation (94). 
 
A sustainable environment for tissue survival not only depends on an adequate blood 
supply for timely transport of oxygen and nutrients, but also on an effective lymphatic 
system to remove the metabolic wastes and other toxins. Prolonged exposure of 
excessive epidermal loading can potentially compromise the lymphatic transports and 
allow such metabolic wastes and other toxins to accumulate in the tissues, causing 
ultimately cell death and tissue damage (95-97). Compared to the other hypotheses, this 
one has been less tested directly in previous studies on pressure ulcer. 
 
Ischemic reperfusion has long been hypothesized to play a key role in the development 
of pressure ulcer (98-100). Ischemia-reperfusion injury is a major complication 
associated with many medical challenges, such as myocardial infarction, stroke, and 
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organ transplantation (101, 102). Reperfusion to ischemic tissues elevates the level of 
the highly reactive free radicals or molecules, which in excess can boost oxidative stress 
to an undesirable level, let loose inflammation, and lead to cell apoptosis and necrosis. 
They include highly reactive oxygen species such as superoxide radicals, and molecules 
like hydrogen peroxide. These reactive oxygen species are mostly generated in 
mitochondria-facilitated activities. They are also associated with inflammatory activities 
involving neutrophils and macrophages. During ischemia, xanthine oxidase (XO) 
accumulates in the hypoxic tissues. Hyperaemic reperfusion replenishes oxygen to 
these XO loaded ischemic tissues. The subsequent biochemical processes produce the 
high reactive superoxide and hydrogen peroxide, which can kick-off the oxidative 
damages. It was also known that nitric oxide (NO) can react with superoxide to form 
peroxynitrite, a reactive nitrogen specie with a relatively long half-life and able to 
damage cell membrane and protein structure (103). It is worth noting that oxidative 
stress is involved in nearly all inflammatory diseases (104). Hence, it may not be always 
easy to differentiate the ischemia-reperfusion responses from those of the post-
compression responses, particularly when compression itself can result in a damage 
situation that calls for inflammatory responses. 
 
Conceptually, it is not difficult to imagine that large enough epidermal mechanical insults 
can directly disrupt the involved tissues and damage the cells within them. Obvious 
examples include impact injuries in sports and vehicular accidents, as well as cuts and 
bruises. These injuries are associated with very high stresses applied onto the body 
surface. The question of course is whether the epidermal stresses at the body support 
surfaces, which are usually significantly lower than those associated with impacts and 
cuts, can disrupt the involved tissues and kill the cells inside when applied long enough. 
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Shear was noted quite early as a major contributor to the problem of pressure ulcer 
(105).  Using a swine model, it was observed that frictional shear increased the 
susceptibility to skin breakdown at constant pressures of less than 67kPa (106). For 
pressure greater than 67kPa, frictional shear did not cause any additional ulceration.  It 
was suggested that large gradient of normal stresses would produce shear deformation 
that can severely damage soft tissues (107).  It was experimentally shown that the 
pressure necessary to produce blood occlusion at the Ischial tuberosities could almost 
be reduced by a factor of 2 when sufficient shear was developed at the seat-support 
interface (108, 109).  It was remarked that about 40% of pressure ulcers are caused by 
shear injury (110).  Skin blood flow in response to epidermal shear was studied using 
laser Doppler flowmetry (111).  Skin blood flow was found reduced when either 
epidermal pressure or shear increased. It would be very useful to extend the pressure-
duration tolerance curve systematically to include epidermal shear as well. 
 
While the above pathophysiological mechanisms can all be induced in principle by 
prolonged excessive epidermal loadings, their exact roles and relative contributions to 
clinical pressure ulcers may vary. At the end of the day, the relevance of a hypothesis for 
the development of pressure ulcers must be evaluated in term of its power to explain the 
observations of clinical pressure ulcers.  At a given epidermal loading, time is apparently 
a critical variable in pressure ulcer formation. It would be important to assess the relative 
contributions of all the major time-dependent processes involved, such as the 
viscoelastic deformational responses of the involved tissues, and the kinetics of all the 
relevant biological responses. 
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6. STUDIES ON TISSUE RESPONSES TO EPIDERMAL STRESSES 
 
6.1 Tissue Deformation and Internal Stresses 
 
It is important to understand how the forces externally applied on the skin affect the 
tissues internally, where blood circulation and cell functions can be influenced and 
pressure ulcers may initiate.  Imaging techniques such as X-ray, ultrasound, CT and MRI 
have been used to obtain information on the involved internal structures (29), including   
tissue deformation and damage caused by external loading. 
 
Ultrasound was used to study pressure ulcer development in human tissues over the 
heel, sacrum and ischial tuberosity (112).  Superficial and deep tissue edema were 
readily differentiated. In about 79% of the images deemed abnormal, edema could be 
observed in the cutaneous and subcutaneous tissues before clinical erythema became 
apparent. 
 
The role of ischemia and deformation in the onset of deep tissue pressure ulcer was 
studied in rats using a T2- weighted 6.3 Tesla MRI (113). Rat tibialis was either 
subjected to a 2-hrs indentation (yielding an epidermal pressure of about 150kPa and a 
maximum shear strain up to 1.0 internally) or a 2-hrs ischemia by applying a tourniquet 
proximally. During and immediately after indentation, tissue ischemia and reperfusion 
were respectively demonstrated using contrast-enhanced perfusion MRI. T2 value in the 
previously indented zone was visibly increased, indicative of tissue necrosis; whereas 
tissues with tourniquet-induced ischemia did not show such change. These results 
substantiated the claim that epidermal indentation of such magnitude was responsible 
 22
for the necrosis observed. A deformational threshold apparently existed beyond which 
damage increased with increasing maximum shear strain (114, 115). 
 
An open-MR system (0.5 Tesla) was used to scan a seated subject to obtain the 
boundary displacements of the ischial tuberosity and the deformed buttock surface on 
the seating support (116). Using such boundary information, a computational model 
predicted that the highest principal compressive stress (32kPa) and strain (74%) 
occurred in the muscle layer rather than in the skin or subcutaneous fat. The predicted 
interface pressure (18kPa) under the ischial tuberosity matched well with the 
experimental measurement (17kPa).  The internal peak stresses and strains were much 
higher among the paraplegics than the normal, mostly resulting from the anatomical 
differences in muscle thickness and the radius of curvature of the ischial tuberosity (117). 
 
Such technique was used to predict real-time subcutaneous stresses from real-time 
interface stresses recorded experimentally. The internal stresses were reportedly 3 to 5 
times higher in the buttock tissues of SCI subjects than in the normal during wheelchair 
sitting (118). By defining an internal stress relief event as when the peak compressive 
stress was below 2kPa for at least one second and by defining stress dose as the 
integral of peak compressive stress over time, the above method predicted a stress dose 
more than 30 times higher in SCI subjects than in normal. The number of internal stress 
relief events was about 10 times greater in normal than in SCI. The same MRI-
computational approach with the experimentally measured interface conditions was 
applied to predict the internal stress and strain in residual limb tissues (119).  A similar 
approach was adopted by combining X-ray anatomical measurements with insole-based 
interface measurements to predict the real-time internal stress and strain in heel pads 
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during walking (120). Maximum principal compressive stress as high as 500kPa and 
maximum Von Mises stress as high as 800 kPa were predicted. 
 
Computational models in these studies are mainly based on finite element (FE) methods. 
Many FE models have been developed to assess internal stress and strain in tissues 
interacting with external body support surfaces, including the buttock / seating system 
(121), the plantar foot / insole system (122), and the residual limb / prosthetic socket 
system (123-125).  The FE models varied in their degree of sophistication, depending on 
the purpose of the models. They could be grouped into three types. The first type 
involves linear static analysis established by assuming linear material properties, 
infinitesimal deformation and linear boundary condition without considering any interface 
friction and slip (123).  The second type involves nonlinear analysis, taking into 
consideration nonlinear material properties, large deformation, and nonlinear boundary 
conditions, including friction/slip contact boundary (124).   The third type are dynamic 
models, considering not only dynamic loads, but also material inertial effects and time-
dependent material properties (125). 
 
The accurate simulation of interactions between body tissue and support surface is 
challenging.  Interface elements were introduced to simulate the friction/slip boundary 
condition (126-128). Special 4-node elements connecting the skin and the liner by 
corresponding nodes were used to simulate the friction/slip condition. An automated 
contact method was developed to simulate frictional slip at the socket/residual limb 
interface, in which correspondence between socket and limb was not required (129). 
Contact elastic bodies have been widely used for similar purpose (124, 125, 130, 131). 
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The average difference between interface stresses with and without considering inertia 
was 8.4% during stance phase and 20% during swing (125). The dynamic effect should 
be even bigger under impact loading. 
 
Comprehensive 3D FE models of the human foot and ankle were developed, consisting 
of 28 bony structures, 72 ligaments and the plantar fascia embedded in a volume of 
encapsulated soft tissue. The model included large deformations and interface 
slip/friction conditions to study the interactions between the foot and supports (130). 
Hyper-elastic material properties were assigned to the encapsulated soft tissue and 
shoe sole. The models were used to study the sensitivity of design factors of foot 
orthosis on load transfer (122). Using similar modelling techniques, female foot models 
were developed to study the high-heeled shoe biomechanics (131).  
 
The viscoelastic layer of skin and subcutaneous tissue on a bony substratum was 
modeled as a hydrated biphasic poroelastic layer (132, 133). This was used to interpret 
the threshold pressure-duration curve for pressure ulcer formation.  Tissue compaction 
was suggested as a critical biomechanical field variable relevant to certain key biological 
response to prolonged mechanical loading. In a fluid-filled tissue matrix, tissue 
compaction builds up as interstitial fluid moves away from the loaded region. If tissue 
compaction reaches a critical value, direct cellular insults and/or microcirculation 
damage may result. It was noted that epidermal shear traction can largely reduce the 
time to achieve a certain tissue compaction and may quicken the formation of tissue 
ulcers. However, little direct experimental evidence has been reported on interstitial 
flows in the involved tissue systems.  
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6.2 Reperfusion and Flowmotion 
 
In response to the compression-ischemia insult, blood flow re-entering the occlusion site 
is elevated and sustained to compensate for the oxygen debt caused earlier.  In animal 
studies, ischemia reperfusion injury has been demonstrated in the context of pressure 
ulcers (92, 134-136). An adaptive effect of skin perfusion was reported in healthy 
subjects, where tissue oxygenation remained unaffected after a number of loading 
cycles. In contrary, subject with multiple sclerosis showed progressively diminishing 
tissue oxygenation with cyclic loading (137). 
 
Laser Doppler Flowmetry (LDF) was applied to a rat trochanteric model to study skin 
perfusion responses to incremental epidermal pressure (3-min steps of 0.5kPa up to 
complete blood occlusion at about 7.7kPa) before and after prolonged loading of 
12.2kPa for 5 hrs) (100). Before the prolonged loading, skin perfusion initially increased 
with epidermal pressure and then decreased when the epidermal pressure passed 
beyond 1.8kPa. Immediately after the prolonged loading, reactive reperfusion shot up to 
3 times the normal value. After 3 hrs recovery, perfusion did not return to the original 
level but remained significantly higher. LDF spectral analysis showed that the magnitude 
of the low-frequency (< 1 Hz) response became lower after the prolonged loading, 
suggesting that the rhythmic vasodilatory mechanism was possibly compromised. When 
the stressed skin was subjected to the incremental epidermal pressure again, the initial 
phase of increasing perfusion with increasing pressure was lost. Subsequent repeated 
prolonged loading led a reactive reperfusion 45% lower than the first one. 
 
The post-occlusion hyperaemic responses were investigated using a Laser Doppler 
Imager in human greater trochanteric tissues after three different types of loading, 
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namely static pressure alone (about 23kPa), a combination of static pressure and shear, 
and the combination of pressure and cyclic shear (138). Resting skin blood flow was 
higher in the normal as compared to the wheelchair users. The post-occlusive 
hyperaemic response was characterized by the peak hyperaemia, total hyperaemia 
(perfusion-time integral), and the hyperaemia half-life (time for peak hyperaemia to drop 
50%) (Figure 2).  In normal subjects, the peak and total hyperaemia after combined 
loading of pressure and cyclic shear was significantly higher than after the other two 
types of loading, and the hyperaemia half-life was longest for pressure plus cyclic shear. 
For wheelchair users, the peak hyperaemia was similar among the three loading 
conditions. However, both the hyperaemia half-life and total hyperaemia significantly 
increased when shear was introduced to the loading regimes.  Arguably, one may 
interpret the initial reactive hyperaemic response as an indication of the severity of the 
earlier biomechanical insult. Using that perspective, these results seemed to support the 
hypothesis that a combination of epidermal pressure and shear stress cause a higher 
distress to the involved tissues than pressure alone and that dynamic loading could 
cause even higher distress to the tissues. 
 
Disturbed flowmotion is another sign of tissue distress inducible by epidermal loading 
(139, 140). Flowmotion is the rhythmic oscillation in the vascular network due to 
contraction and dilation of the local smooth muscles (141). There was disturbed 
flowmotion at the sacrum in some SCI patients and elderly subjects in resting condition 
(139). The specific origins of such disturbance have not been fully understood. Wavelet 
analysis was applied to study the flowmotion signals in both time and frequency domains 
(142). Five characteristic frequencies have been identified in the human cutaneous 
circulation as recorded by LDF (142, 143). These oscillations reflect the influence of 
heart beat, respiration, intrinsic myogenic activity of the vascular smooth muscle, 
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neurogenic activity on the vessel wall and endothelial related metabolic activity with 
frequencies around 1, 0.3, 0.1, 0.04 and 0.01Hz, respectively (142, 144-146).  The 
rhythmic flowmotion in the peripheral microcirculation in tissues overlying the ischial 
tuberosity (IT) in normal persons and persons with SCI were compared in (140). The 
relative amplitude of flowmotion at the frequency associated with endothelial related 
metabolic activities during resting condition was significantly lower in SCI than in normal. 
During the post-loading (16 KPa) period, the relative amplitude of the flowmotion at the 
frequency associated with neurogenic activities was evidently lower in SCI.  These 
findings suggested that the contributions of endothelial related metabolic and neurogenic 
activities to the blood perfusion regulation was compromised in SCI individuals. 
 
Most studies measured perfusion only within a few hundred microns from skin surface, 
and thus focused primarily on cutaneous microcirculation. By combining HeNe LDF and 
Photoplethysmography (PPG) with near-infrared, it is possible to measure perfusion 
covering a few thousand microns below surface. Bergstrand et al (147) used this 
technique to examine in normal subjects blood flows simultaneously at different depths 
over the sacrum, i.e. both cutaneous microcirculation and deeper blood flow in the 
muscles. Changes in circulatory responses were monitored before, during and after 
pressure loading up to 6.7kPa. PPG data revealed that at such low epidermal pressure, 
deeper blood flow in muscles often increased with epidermal loading, suggesting that in 
normal muscles, there may be a compensatory response to counteract the effects of the 
epidermal compression.  It is interesting to note that reactive reperfusion was detected 
more often in the superficial tissues than in the deeper tissues. 
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 6.3 Histological, Cellular and Molecular Studies 
 
A pig model was used to examine how skin tissues responded to repetitive compressive 
and shear stresses at 1 Hz for 1 hour/day, 5 days/week for 4 weeks (148). The periodic 
stress waveform mimicked those typically experienced at the prosthetic socket/ residual 
limb interface. Histology showed a significant increase in collagen fibril diameter and a 
significant decrease in collagen fibril density, resulting in a similar collagen percentage 
over the dermal cross sectional area.  Roughly similar trends of results were obtained in 
an in-vitro study on pig skin explants subjected to 30 minutes of stressing daily for 3 
days (149). The in-vitro results were less substantial, possibly in part due to its being a 
shorter study.  
 
Rat dorsal skin was subjected to prolonged cycles of loading-unloading with concomitant 
ischemia-reperfusion using an implanted ferromagnetic steel plate with an externally 
placed magnet (135). The magnet placed over the implanted plate generated a pressure 
of about 6.7 kPa in skin with a concomitant 80% reduction in blood flow. Tissue 
damages were documented in terms of area of tissue necrosis and number of 
extravasated leukocytes in the compressed zone. Tissue damages increased with 
number of loading-unloading cycles and total loading duration. More damages were 
observed in skins subjected to five cycles of loading (2 hrs) / unloading (0.5 hr) than 
those subjected to ten hours of continuous loading. Using a skinfold chamber in a mouse 
model (136), cyclic loading-unloading was applied to skin.  Significantly more 
compromised microvasculature was observed in skins subjected to 4 cycles of loading (2 
hrs) / unloading (1 hr) as compared to continuous loading for 8 hours. These studies 
clearly demonstrated the additional damages induced by reperfusion during the 
unloading phase.   
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A similar magnetic loading system was used to study in wild-type and transgenic mice 
how the loss of monocyte chemoattractant protein-1 (MCP-1) attenuated ischemia-
reperfusion injury in skin (150). Ischemia-reperfusion injury was found closely associated 
with infiltration of macrophages and the release of highly reactive free radicals such as 
nitric oxide (NO), Tumor Necrosis Factor α (TNFα) and other proinflammatory cytokines. 
MCP-1 is recognized for its role in recruitment of macrophages and other inflammatory 
responses.  Its level was significantly increased in wild-type mice after one cycle of 
loading (12 hrs) / unloading (12 hrs), together with elevated mRNA expression of 
inducible nitric oxide synthase (iNOS), TNFα, as well as other proinflammatory cytokines 
at various time points.  Compared to the wild-type, MCP-1-/- mice showed less 
macrophage recruitment, earlier wound healing (possibly due to less skin injury), and 
significantly curbed mRNA expressions of iNOS and TNFα in the compressed skin.  
Furthermore, MCP-1-/- mice, unlike the wide-type, did not show much difference in the 
number of fibroblastic apoptotic cells, subsequent to 36 hours of continuous 
compression versus three cycles of the loading (12 hrs) / unloading (12 hrs) scheme.  In 
case of the wild-type, such difference was more than 2-folds.  This suggests that a 
significant proportion of reperfusion-induced apoptosis among cutaneous fibroblasts is 
MCP-1 facilitated.   
 
It was generally understood that muscles could tolerate ischemia for a few hours (151). 
The molecular responses to ischemia-reperfusion of rat gastrocnemius muscle as a 
function of ischemic time was investigated by clamping the femoral blood vessel up to 6 
hours (94). Histologically, interstitial edema was increasingly evident with time of 
reperfusion after 6 hours of ischemia. Extravasation of blood cells and leukocytes 
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infiltration were observed after 48 hours reperfusion, and muscle fibers fragmentation 
was also observed at 72 hours. The levels of p53, p21WAF-1, and Bax did not change 
immediately after 6 hours of ischemia alone, but gradually increased subsequently and 
remained significantly elevated even after 72 hours subsequent to reperfusion when 
compared to the sham control. The accumulation of p53, p21WAF-1 and Bax proteins are 
indicative of cellular responses to DNA damage, involving cell cycle arrest and apoptosis. 
The histological responses during reperfusion after 3 hours of ischemia were 
significantly milder, with the apoptotic signaling protein Bax showing no significant 
differences from the sham control. The results suggested that reperfusion injury after 3 
hours of ischemia were more manageable compared to those after 6 hours of ischemia.  
It is interesting to note that ischemia itself for up to 6 hours before the subsequent 
reperfusion apparently did not cause significant changes in the histology nor in the p53, 
p21WAF-1 and Bax levels.  
 
The effects of reperfusion rates were studied in rat soleus muscle after 150 minutes of 
complete ischemia by clamping the femoral artery (152).  A lower reperfusion rate was 
achieved by releasing the clamp gradually and monitoring the blood velocity in the 
process. Less histological damage and tissue oxidative stress markers 
(malonyldialdehyde and myeloperoxidase) in the gradual release group showed there 
was less reperfusion injury as compared to the fast release group. 
 
It has been recognized that compared to skin, muscle tissue has a lower tolerance to 
lateral mechanical compression (1, 153-155).  An in-vivo rat model was used to 
investigate the histological responses of skin and the subcutaneous tissues to 6 hours of 
pressure loading of 13.3 kPa per day at the greater trochanter and tibialis areas for up to 
4 days (155). It was documented that such epidermal loading caused about 70% and 
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50% reduction of blood flow during compression in the trochanteric and tibialis areas 
respectively. Cutaneous tissue damage was observed at the trochanteric area after 
loading for two consecutive days but not noticeable after one day. Skin damage was 
evidenced by keratin layer thickening and fluid accumulation in the epidermis and 
seemed to persist even 3 days after the 4 days of loading. Such skin damage was not 
observed at the tibialis area for all time groups.  However, muscle degeneration, as 
evidenced by increased number of centrally located nuclei in the muscle fibers, muscle 
fibers with rounded cross-sections and abnormal size variation, were observed after two 
consecutive days of loading at the tibialis. (Figure 3)  Other histological damages 
included the internalization of peripherally located nuclei, replacement of muscle cells by 
fibrosis and adipose tissues, and the presence of pyknotic nuclei as well as karyorrhexis. 
Again, muscle damage was not noticeable after one day of such pressure loading, which 
appeared to be consistent with the observation in (156) on rat gracilis muscle subjected 
to 11.5kPa pressure for 6 hrs. However, at higher pressures (35kPa and 70kPa), 
extensive damage was reported immediately after the first day of loading.  On the other 
hand, 50kPa pressure on pig trochanter for 2 hrs did not result in noticeable 
histopathological signs immediately upon cessation of loading (134). Histological signs 
of damage in subcutaneous tissues and muscles started to appear 1 hr after pressure 
cessation. Biochemical findings in blood hydrogen peroxide and in tissue glutathione 
apparently suggested a build-up of oxidative stress with reperfusion after loading.  
Severe muscle damage was observed histologically in rat tibialis anterior one hour after 
the muscle was subjected to a two hours indentation of ~4mm (corresponding to a 
pressure loading of about 150kPa) (154). Infiltration of polymorphonuclear neutrophils 
and monocyes was evident within 20 hours after the indentation.  Phosphotungstic acid 
hematoxylin was used to demonstrate muscle damage by loss of cross-striation 
immediately after loading, thus minimizing the influence of reperfusion injury on the 
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histology (157). Substantial loss of cross-striation in gracilis muscle occurred just after 
35kPa compression for 15 minutes. By combining results from different laboratories, a 
sigmoid type pressure-duration tissue tolerance curve was suggested for albino rats. 
Epidermal pressure above 32kPa tended to result in muscle damage even for very short 
exposure; whereas pressure below 5kPa apparently could be tolerated for much longer. 
 
The same rat model was used to compare the results from compression with an indenter 
to those from complete ischemia using a tourniquet (113). Histological samples of the 
tibialis anterior were collected 4 hours after the removal of the indenter or the tourniquet. 
Two hours of indentation (corresponding to 150kPa pressure loading) apparently led to 
much more serious muscle damage than two hours of complete ischemia. These 
histological findings, collected 4 hours after the removal of the insult, likely also included 
the effects of the subsequent reperfusion injuries. 
 
In vitro models allow the uncoupling of the damages caused by deformation and those 
by ischemia-reperfusion.  The mechanical and failure properties of single C2C12 
myoblasts were studied under compression (158).  The average Young’s modulus of the 
myoblasts was estimated to be around 1.14kPa. Lateral bulges started to appear at the 
cell membrane when axial strain reached about 60%, from where the compressed cell 
further stiffened until the cell membrane finally ruptured at about 72% strain, 
corresponding to an axial force of around 8.7µN.  
 
To study the behavior of myoblasts in a 3-dimension construct, myoblasts were seeded 
in agarose gel and subjected to constant compression for various durations under a 
confocal microscope (159).  At 10% axial construct strain, cell damage appeared to rise 
significantly after 2 hours as compared to the control. At 20% strain, 50% of the cells 
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were found damaged after 2 hrs as compared to the 30% plateau in the control, and 
after 24 hours at 20% strain, damage reached 100%. 
 
Three-dimensional constructs of muscle myotubes in collagen gel was subjected to 
gross compressive strains of 30% and 50% (160). Compared to the control with only 4-
5% cell death over time, constructs subjected to 30% and 50% axial strain showed an 
immediate jump of cell death to 8.2% and 13.6% respectively, as a direct damage of the 
cell membrane. Constructs at 30% strain showed a gradual increase in cell death 
percentage, reaching about 50% after 8 hrs, whereas constructs at 50% strain showed a 
much steeper rise, reaching about 75% cell death by hr-4 and the gradually reaching 
80% by hr-8. The increase of cell death percentage with time under constant applied 
strain might reflect internal strain redistribution among the myotubes and within the 
viscoelastic cytoskeletal structures, the time-course of the apoptotic kinetics, and the 
interplay between the two. It is not clear how the in-vitro compressed myotubes may 
respond to the removal of the compression. 
 
The relative contributions of compression (up to 40%) and hypoxia (down to 0%) to the 
development of muscle damage was studied in (161) using an in-vitro model of tissue-
engineered muscle cells. Results from studies up to 22 hours indicated that hypoxia 
alone or superimposed on compression had relatively little effect on either muscle 
apoptosis or necrosis. These results are consistent with the in-vivo findings in (113), if 
hypoxia is taken to be a key consequence of ischemia. 
 
By subjecting spherical indentation to the above tissue-engineered muscle cell construct 
(162), increasing diameter of the zone of cell deaths with time was observed using  
fluorescent propidium iodine under a confocal laser scanning microscope. Knowing the 
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strain field under the spherical indenter, a sigmoid type strain-time cellular tolerance 
curve was suggested. Construct compressive strain above 65% may be sufficient to 
result in cell damage even for very short exposure; whereas strain less than 35% may 
likely be tolerated for much longer period of time.   
 
Changes in intracellular calcium during compression of individual myotubes in 
monolayer was studied using a calcium sensitive fluorescent probe (163). About half of 
the cells were unresponsive to incremental deformation, while the other half showed a 
brief calcium transient when subjected to a deformation increment of more than 30%. 
Ultimately, cell necrosis was consistently accompanied by a steep up-regulation of 
intracellular calcium, likely indicative of an irreversible disruption of cell membrane. 
When happened, some of the surrounding viable cells were also similarly affected.  
 
In a similar rat model used in (155), it was demonstrated that 6 hours of prolonged 
pressure of 13.3 KPa per day for 2 days was enough to activate apoptosis in the 
subcutaneous muscle tissue (164). The study showed that under moderate epidermal 
loading, there were increases in the transcript content of caspase-8 , Bax and Bcl-2, as 
well as an enhanced activation of downstream caspase-3 activities. These caspase-8 
and capspace-9 /Bcl-2 family proteins correspond respectively to the death receptor-
mediated and mitochondria-mediated apoptotic pathways. These results suggested that 
the two pathways may both be involved in pressure-induced apoptosis, and together 
help to amplify the deep tissue damage. 
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7. CLOSING REMARKS AND SUGGESTIONS FOR FUTURE RESEARCH 
 
Ischemia has long been hypothesized as a key mechanism for pressure ulcer formation. 
Pure ischemia for a few hours without compression may not immediately cause 
histological signs of muscle damage.  The molecular cascade of ischemia injury could 
have been triggered before histological changes show up. There is evidence that 
immediate muscle damage can occur as a direct mechanical insult under high enough 
loading. Damages can further build-up upon unloading, possibly due to subsequent 
reperfusion oxidative stresses and inflammation responses. Such loading-unloading 
responses, if not appropriately relieved, can render the involved tissues more vulnerable 
to subsequent loadings, a process of damage accumulation in compromised body 
tissues interacting with external forces.  Can the reperfusion-induced and inflammation-
induced oxidative environment make cells more vulnerable to subsequent mechanical 
stresses and if so, how?  Would epidermal keratinocytes, dermal fibroblasts, 
subcutaneous fat and muscle cells behave differently in response to oxidative stress?  
 
What kinds of tissue adaptation may strengthen the tissues system to better withstand 
the epidermal loading? Tissue adaptation to epidermal loading can occur in skin when 
external pressure and shear were applied at levels below those known to cause tissue 
breakdowns.  Thickening of plantar foot skin in response to epidermal pressure and 
shear can become pathological corns and calluses if not properly taken care of.  Muscle 
stiffening has been reported in association with muscle injury, which was included in a 
damage law to describe how damage may expand from the deep muscle towards the 
skin surface (165). Development of these damage laws requires detailed understanding 
of the damage kinetics at the cellular and molecular level. 
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The same kind of tissues at different anatomical sites can have very different 
biomechanical tolerance. Are those differences experienced at the cellular level? How 
would the cells in buttock tissues differ from those in the heel?  Can cells in the buttock 
tissues acquire the characteristics of cells in the heel pads, and if so, how?  
 
Loading-duration tolerance curves were presented as pressure (or strain) - time curves 
for different anatomical sites and animals.  To help understand the behaviour of the 
whole tissue systems, tolerance curves should be determined separately for skin, fat and 
muscle at the tissue and cellular levels. It would be clinically relevant if epidermal shear 
can be incorporated into such tolerance curves.  What damage mechanisms are induced 
by shear as compared to pressure?  If ischemia is the common mechanism, we may 
expect a similar molecular cascade to follow. If different cytoskeletal mechanisms are 
involved, the associated molecular events would be more different. 
 
Reperfusion damage should be explicitly included in assessing tissue tolerance, by 
taking the loading-unloading cycle as a unit responsible for pressure ulcer formation. 
Besides knowing the capacity of a tissue to tolerate one loading episode, it is meaningful 
to know the sustainability of certain loading-unloading patterns. After all, loading and 
unloading always come back-to-back in real situation.  
 
Few theoretical damage models have been proposed to simulate the time-dependent 
process of pressure ulcer formation. The time-dependent process has been modelled 
based on (a) tissue consolidation as fluid moves out of the tissue matrix under epidermal 
loading (132); (b) the empirical pressure-duration tolerance curve and the expansion of a 
stiffened zone of damaged muscle fibres (165); and (c) accumulation of cellular damage 
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as a result of hypoxia due to compression-compromised oxygen diffusivity (166).  The 
process of reperfusion injury should also be included in the future damage models. 
 
We stand, walk, sit and lie on surfaces most of the day. It is interesting that normal 
individuals can routinely cope with those forces without difficulty.  Challenges occur 
when pathologies arise and/or when these external forces are redirected to unprepared/ 
unaccustomed tissues.  One of the biggest challenges is that most of these external 
forces are quite unavoidable if the affected individuals are to continue to move and 
function in gravity. The problems are how to minimize these external forces during 
locomotion and various functions, how to distribute them more evenly over tolerant areas 
in space, and how to engage alternately in time the different support surfaces, so that 
these unavoidable loading and unloading cycles can be managed by our body tissues in 
a sustainable manner. 
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FIGURE CAPTIONS 
 
Figure 1  Positions of ischial tuberosities and their corresponding peak pressures 
on pressure map during dynamic wheelchair propulsion (one normal subject). The peak 
pressure locations are anterior to the locations of the ischial tuberosities. 
 
Figure 2  Schematic representation of a reactive hyperaemic response. 
 
Figure 3  Photomicrograph of muscle fibres at the tibialis area. (155)  (A) Normal 
muscle architecture of control rat shows closely packed polygonal muscle fibre profiles. 
There is little variation in muscle fibre size or shape. Cytoplasmic staining is uniform. 
Small, peripherally located nuclei are abundant. (B) Muscle fibres at 48hr, degeneration 
of muscle cells is characterized by increasingly numerous nuclei, which occupy the 
central part of the muscle fibres. (C) At 72hr, atrophic and hypertrophic muscle fibres 
with round contours are present. (D) At 96hr, muscle fibres are replaced by fibro-fatty 
tissue, with abnormal variation in fibre size due to atrophy of some and hypertrophy of 
others. (E) At 96hr, muscle fibres become necrotic. Peripherally located nuclei of muscle 
fibres become internalized. There is destruction of muscle fibres with replacement of the 
muscle by fibrous tissue. (F) At 168hr, muscle fibres become severely necrotic, where 
muscle atrophy affects groups of muscle fibres supplied by single motor units in contrast 
to the haphazard pattern of atrophy seen at other groups. (H&E, x30) 
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Figure 1 
 
Positions of ischial tuberosities and their corresponding peak pressures on pressure 
map during dynamic wheelchair propulsion (one normal subject). The peak pressure 
locations are anterior to the locations of the ischial tuberosities. 
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Figure 2 
 
Schematic representation of a reactive hyperaemic response. 
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Figure 3 
Photomicrograph of muscle fibres at the tibialis area. (155)   (A) Normal muscle 
architecture of control rat shows closely packed polygonal muscle fibre profiles. There is 
little variation in muscle fibre size or shape. Cytoplasmic staining is uniform. Small, 
peripherally located nuclei are abundant. (B) Muscle fibres at 48hr, degeneration of 
muscle cells is characterized by increasingly numerous nuclei, which occupy the central 
part of the muscle fibres. (C) At 72hr, atrophic and hypertrophic muscle fibres with round 
contours are present. (D) At 96hr, muscle fibres are replaced by fibro-fatty tissue, with 
abnormal variation in fibre size due to atrophy of some and hypertrophy of others. (E) At 
96hr, muscle fibres become necrotic. Peripherally located nuclei of muscle fibres 
become internalized. There is destruction of muscle fibres with replacement of the 
muscle by fibrous tissue. (F) At 168hr, muscle fibres become severely necrotic, where 
muscle atrophy affects groups of muscle fibres supplied by single motor units in contrast 
to the haphazard pattern of atrophy seen at other groups. (H&E, x30) 
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